This review focuses on different materials and contrast agents that sensitize imaging and therapy with Focused Ultrasound (FUS). At high intensities, FUS is capable of selectively ablating tissue with focus on the millimeter scale, presenting an alternative to surgical intervention or management of malignant growth. At low intensities, FUS can be also used for other medical applications such as local delivery of drugs and blood brain barrier opening (BBBO). Contrast agents offer an opportunity to increase selective acoustic absorption or facilitate destructive cavitation processes by converting incident acoustic energy into thermal and mechanical energy. First, we review the history of FUS and its effects on living tissue. Next, we present different colloidal or nanoparticulate approaches to sensitizing FUS, for example using microbubbles, phase-shift emulsions, hollow-shelled nanoparticles, or hydrophobic silica surfaces. Exploring the science behind these interactions, we also discuss ways to make stimulus-responsive, or "turn-on" contrast agents for improved selectivity. Finally, we discuss acoustically-active hydrogels and membranes. This review will be of interest to those working in materials who wish to explore new applications in acoustics and those in acoustics who are seeking new agents to improve the efficacy of their approaches.
Introduction
Ultrasound waves generated by an acoustic transducer can be focused into a small volume using, usually, a concave shaped or phased array transducer. At the focal zone, which is about the size of an uncooked grain of rice, the acoustic intensity is orders of magnitude higher than the intensity at the surface of the transducer. This, together with the high penetration depth of ultrasound in soft tissue, enables site-selective delivery of relatively high acoustic intensities into a small target volume in the body without significantly affecting the tissue on the path of ultrasound [1] . Depending on the acoustic intensity, temperature increase and/or cavitation can be induced in the focal zone, which can result in various effects in the tissue from mild hyperthermia to coagulative necrosis and transient poration of the cell membrane to mechanical tissue ablation [2] [3] [4] . One of the most common uses of focused ultrasound (FUS) in medicine is the thermal ablation of a target tissue, which leverages from the rapid temperature increase in the tissue at high acoustic intensities to induce coagulative necrosis [2, [5] [6] [7] [8] [9] . This process is usually called High Intensity Focused Ultrasound (HIFU) therapy or ablation. FUS can also be used to mechanically fractionate the tissue by applying FUS pulses with higher acoustic pressures [4, 10, 11] . By moving the focal zone of FUS, larger volumes (>cm 3 ) can be ablated or fractionated with millimeter precision [1] . Owing to the excellent penetration depth of the high intensity ultrasound pulses in soft
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International Publisher tissue, FUS, or more specifically HIFU, is promising for non-invasive ablation of soft-tissue such as solid tumors or brain tissue [2, 6] . While high scattering of ultrasound from interfaces of tissue with gas or bone partially limits the clinical application of HIFU [2] , it has been successfully applied to ablate several malignant or benign diseases located superficially or deep in the body, including uterine fibroids as well as tumors found in the prostate, breast, and, liver, and brain (transcranial) [1, [6] [7] [8] . Thus, HIFU is a promising alternative to invasive surgery and may offer greater precision, decreased morbidity, and mortality rates with lower treatment cost and shorter recovery times [1] . FUS has also been used for on-demand and spatially-controlled drug delivery. In this case, FUS pulses with lower intensities is applied for improving the local delivery of drugs and genes by inducing mild hyperthermia in the tissue, and/or by mechanically creating temporary pores in the cell membranes and blood brain barrier (BBB) [3, 12] .
However, the therapeutic outcomes of current FUS therapies are still unsatisfactory [13, 14] . For instance, thermally ablated solid tumors often recur, and the high pressure requirement for mechanical tissue fractionation or trans-cranial applications can induce off-target damage in the healthy tissue [15, 16] . To both increase FUS efficacy and reduce the pressure requirement for tissue damage, ultrasound contrast agents such as fluorocarbon microbubbles and nanodroplets or gas-stabilizing nanoparticles have been utilized to locally enhance thermal and mechanical effects induced by FUS treatment and, thus, enable a more precise, efficient, and safer ablation of the soft tissue [17] [18] [19] [20] [21] [22] [23] . Such ultrasound active materials have also been applied for several other applications, including drug delivery, ultrasound imaging, and blood brain barrier opening (BBBO) [24] [25] [26] [27] [28] [29] [30] [31] . In this review, we will first briefly summarize the history of FUS and its principles. Then, we will comprehensively summarize the different types of ultrasound active materials developed for FUS theranostics. Finally, we will conclude by discussing the current limitations and potential future directions in the field.
History of Focused Ultrasound and Its Instrumentation
Despite the many recent technological advances in generating high intensity ultrasound waves and their focusing into small volumes, FUS pulses were first generated almost 100 years ago. Piezoelectricity, or the conversion of the mechanical motion to an electrical signal and vice versa, was discovered in 1880 by Jacques and Pierre Curie, which in turn led to the development of sonar devices in the early 1900s [32, 33] . The application of alternating current generated sound waves in the receiving medium, and larger currents meant more intense sound waves [34] . Thus, the early 1900s witnessed the first experiments regarding the effects of high-intensity ultrasound on biological organisms. In particular, Wood and Lomis studied the biological effects of the ultrasound on living organisms in a water tank [35] . They showed that high-intensity ultrasound destroyed red blood cells and killed small fishes and frogs, but bacteria and mice survived after several minutes of insonation. This straightforward experiment proved that ultrasound could cause biological damage at high intensities.
Focusing the ultrasound pulses into a small volume, which further increases the acoustic intensities and pressures by a factor of ~10-100, was experimentally first achieved by Gruetzmacher in 1935 by using a concave shaped quartz crystal lens [36] . Less than a decade later, Lynn, et al., proposed the idea of non-invasive surgery by thermally ablating the tissue in the focal zone, leaving the tissue outside the ablated area mostly unaffected because of the significantly lower acoustic intensities in these regions [37] . This approach successfully created ablated lesions in cat brains [38] . After this initial success, the development in this field slowed for several decades, primarily because of the dearth of imaging modalities that could enable precise focusing and real-time monitoring of the HIFU treatment [39, 40] . However, the 1980's saw the developments in transducer design, allowing both focusing and real-time imaging capability of the target tissue using MRI or ultrasound imaging [7, 41] . With these advancements in treatment precision, non-invasive HIFU tissue ablation has been tested on several tumors, including pancreatic, breast, bladder, prostate, renal, and liver tumors, along with non-malignant tissues such as brain and uterine fibroids [1, [6] [7] [8] . Currently, several commercial pieces of HIFU equipment with ultrasound or MR guidance for ablation of prostate and breast tumors, uterine fibroids, bone metastases, and brain tissue are available worldwide [2] .
Contemporary FUS instrumentation uses either a bowl-shaped single piezoelectric element or a phased array of transducers ( Figure 1A ) [2] . Single element and phased array FUS transducers are commercially available that can operate at a broad range of frequencies (0.2 to 20 MHz). These transducers are able to focus the sound into a small, cigar-shaped volume with usually a few mm in diameter and around a cm in length, about the size of an uncooked grain of rice [1] . At the focal zone, these transducers can create very high ultrasound intensities and acoustic pressures up to 100,000 Watts/cm 2 and 100 MPa, respectively. For focused single element transducers, the focal point is fixed at a geometrically defined point and thus must be moved mechanically during treatment. On the other hand, phased array transducers can be directed electronically to create multiple focal points, but these transducers are costlier than single element transducers. Finally, it is also possible to focus ultrasound generated by a flat transducer using an acoustic lens, which can focus sound waves based on the difference in speed of sound in different media. This design gives flexibility for tuning the position of the focal point but suffers from acoustic losses [39] . 
Bioeffects and Applications of FUS.
Ultrasound waves are mechanical waves that cause local positive and negative pressure differences in the receiving medium during propagation [42] . By definition, a sound wave with a frequency (i. e., cycles per second) above the human hearing limit (~20 kHz) is termed ultrasound. While there is no set upper limit, theoretically it is not possible to obtain sound waves with frequencies higher than ~ 10 13 Hz because the wavelength would approach the atomic spacing of a condensed phase medium. In medical ultrasound, the most commonly used frequencies are between 0.1 and 40 MHz. Lower frequencies provide a greater chance of generating bioeffects and are limited in their focusing resolution. On the other hand, the attenuation of ultrasound in soft tissue increases at higher frequencies; while 1 MHz ultrasound waves can be used treatment of ~5 cm deep soft tissue, the treatment depth decreases to ~2 cm at 3 MHz [43] .
For medical FUS, it is common to report both peak negative (or rarefactional) pressure (PNP) and peak positive (or compressional) pressure (PPP) because waveforms become asymmetrical at higher PPPs, especially at high intensities, due to the non-linear propagation effects in soft tissue ( Figure  1B) . The acoustic pressures of the FUS pulses can be determined by collecting the waveforms using a hydrophone [44] [45] [46] , with typically the highest positive and negative values in the pressure waveform reported as PPP and PNP, respectively. FUS pulses with PNPs of between ~0.1 and 25 MPa are commonly applied for different purposes, and at these conditions, PPP values could reach 100 MPa. Using pressure waveforms, acoustic intensity can be then calculated, which is defined as power per unit area that is carried by sound waves. As the acoustic intensities both temporally and spatially change in a propagating FUS beam, it can be reported in several different ways by considering the average and peak intensities, pulse shape and duration. The most commonly used intensity parameters are spatial-peak pulse-average (ISPPA) and spatial-average temporal-average (I SPTA ) (see ref [46] for further information) [47] . I SPPA provides information on the instantaneous pulse intensity, where I SPTA is more useful for determining possible temperature rise and overall acoustic energy input.
Other important FUS parameters include pulse duration and pulse repetition period (PRP) ( Figure  1B) . FUS is usually applied as pulses at low duty cycle to prevent extreme thermal energy accumulation in the tissue. Pulse duration is determined ideally by the number of waveforms per pulse (also known as cycle number) and the operating frequency of the transducer. However, because most transducers are not perfectly damped, the actual pulse duration can be longer than the theoretically predicted value and should be determined through hydrophone measurements [47] . PRP is the time between the start of each pulse. Pulse repetition frequency (PRF), which is number pulses in a second, can also be reported instead. Finally, the ratio between pulse duration and PRP is used to calculate the duty cycle.
While ultrasound waves propagate through the body, they attenuate through reflection or absorption by tissues, bones, or interfaces. While the former can be used to form conventional B-mode ultrasound images, the latter can cause heating in the tissue. At high acoustic pressures, the ultrasound waves can also cause cavitation events in the tissue or at the interfaces. The extreme pressures and temperatures (above 1000 atm and up to 15,000 K, respectively) generated in the cavitating bubbles can induce mechanical and chemical effects in the tissue, in addition to tissue heating [2, 6, 40, 48] . The type of predominant bioeffect is dictated by the ultrasound parameters described above ( Figure 1B ). For example, administration of second-long pulses with lower peak negative pressures (usually 1 to 10 MPa) can cause a rapid temperature increase at the focal zone. Reaching temperatures of 60-95 °C causes almost immediate tissue coagulation and necrosis [1] . This effect serves as the basis of the currently approved HIFU based soft tissue ablation methods [49] [50] [51] , also known as "thermal HIFU ablation." The overall success of this approach is debatable. While several commercial HIFU devices have been developed, the therapeutic outcomes of this method are still unsatisfactory, especially for the treatment of cancer [13, 14] . For example, the heat sink effect, which is a cooling effect due to blood flow, can prevent complete thermal ablation of the target tissue at the locations close to the blood vessels [52] . In addition, at the peripheral to the treatment area, temperature rise may not be sufficiently high to generate coagulative necrosis, and diseased cells in that region can survive from the treatment, eventually leading to recurrence [53] . The overall dosage is limited by safety concerns because tissue heating that occurs due to off-target HIFU or blood flow can be dangerous to the patient. As a result, a significant amount of time (hours) must be devoted to each treatment to avoid nonspecific heating, which in turn increases the cost to the patient [54] .
More recently developed transducers can induce mechanical rather than thermal effects in tissue. These effects are obtained by applying very short pulses in the range of microseconds, with very high PNPs (>20 MPa) [4, 55] . In this case, the temperature increase in the tissue can be minimized (less than 10 °C) and the high rarefactional pressures can generate cavitating bubbles, which then may form shock waves, water jets, and shear forces [6] . Achieving such mechanical bioeffects is the basis of the method called "histotripsy" or "mechanical HIFU ablation," where the cavitating bubbles cause the mechanical destruction of the tissue [4, [56] [57] [58] . In addition, an acoustic wave is by itself a mechanical wave, and at high intensities, it also can create adverse bioeffects such as membrane deformation and organelle rotation [2] . Finally, due to the high local pressures and temperatures formed during cavitation events, chemical effects such as reactive oxygen species (ROS) generation can be observed, which induce cytotoxicity by, for example, DNA damage [40] . Generation of these effects in the tissue using sonosensitizing materials (e. g. dyes such as porphyrins or titanium dioxide nanoparticles) have been utilized for therapeutic purposes through sonodynamic therapy.
We have not reviewed these materials here because they typically use unfocused, low intensity ultrasound, but more information can be found in the recent review by Chen and coworkers [59] .
Because mechanical ablation is not influenced by the heat sink effect, it can theoretically provide a more uniform, efficient, and complete removal of the tissue. However, the cavitation events required to obtain such mechanical effects in the deep tissue are difficult to control or predict. As a result, the probability of generating random cavitation events in the tissue or at tissue interfaces becomes more likely at higher pressures, which can induce side-effects such as skin burn and damage to the neighboring healthy tissue has been observed at high acoustic intensities [2, 16] . The FUS treatment is also limited by the focal zone; because a single FUS treatment usually ablates a volume of around 100 mm 3 , several single shots must be applied to ablate large volumes. To minimize the damage to the surrounding healthy tissue a sufficiently long cooling time between two pulses should be applied for thermal ablation procedures. Therefore, as with thermal ablation, the complete ablation of large volumes can take several hours [1] .
In the last few decades, acoustically active micro/nanomaterials such as fluorocarbon microbubbles and nanodroplets have been increasingly applied to ablate larger volumes at single thermal or mechanical HIFU treatment spot [22] . Administration of these materials not only increases the ablated tissue volumes but also could decrease the needed ultrasound intensity for ablation and, thus, lower the temperature rise outside the focus, which could make the HIFU therapy safer [20] . In addition, faster ablation of tissue can be achieved in the presence of such ultrasound active materials [60] , which is particularly important in the treatment of large tumors (> 5 cm) that can take several hours using conventional thermal HIFU therapy. Furthermore, strategies to target these ultrasound-active materials to the tissue could improve the efficiency and precision of the ablation.
Beyond ablation, acoustically active materials have been shown utility in other applications, including medical imaging and drug delivery. For example, phase change droplets can be vaporized "on demand" into highly echogenic micron-sized bubbles using FUS pulses, and therefore, they can significantly improve the contrast of ultrasound images [31] . Such materials are also attractive for delivery purposes since it is possible to locally and on-demand deliver drugs at diseased sites following their vaporization by FUS insonation [29] . Using such a strategy, it is also possible to reduce the side effects of the drug by minimizing their off-target release and decreasing the therapeutic dosage. In addition, the mechanical effects generated because of inertial cavitation of vaporized droplets can help to deliver drugs and nanoparticles deeper in the target tissue.
As a particular case of drug delivery, blood-brain barrier opening (BBBO) using FUS for delivering therapeutics into the brain is also an important research area, and significant research effort has been devoted for developing materials that can address this challenge [61] [62] [63] . The blood-brain barrier (BBB) is a composite structure separating and regulating the cerebral interstitium. With the exception of a few small (<400 Da), lipophilic (<8 H-bonds with water) molecules and gases that diffuse across the membrane, the BBB rejects most small molecule drugs in addition to virtually all large molecule therapeutics, which makes treatment of disorders in the central nervous system (CNS) exceedingly difficult [64] [65] [66] . FUS by itself has been shown to induce BBBO through a combination of mechanical transduction and mild hyperthermia [66] [67] [68] . However, the applied acoustic intensity must be tightly controlled to avoid ablation of brain tissue. With the help of acoustically active materials, a more effective and controlled BBBO could be possible using safer FUS intensities [62, 69, 70] .
Below, we will discuss the major types of acoustically active materials used in FUS theranostics. We will summarize the notable achievements in their design and applications to develop FUS based methods for biomedical applications including tumor ablation, drug delivery, bioimaging, and blood-brain barrier opening.
Acoustically Active Materials for FUS Theranostics

Stabilized Fluorocarbon Microbubbles
Ultrasound contrast agents based on stabilized micron-sized gas cavities (i.e., microbubbles) were initially developed to improve the contrast of the ultrasonograms during the late 1960s and early 1970s [71] . Today, several of them are commercially available and clinically approved in the United States, Europe, Japan, and South Korea [72] . While the original microbubble contrast agents consistent were air bubbles stabilized by a shell of phospholipids, polymers, or proteins, today microbubbles are made with fluorocarbon gases (such as octafluoropropane, decafluorobutane, or pentafluoropentane) that exhibit lower vapor pressures and up to 4 orders of magnitude smaller water solubility compared to air [73] . These bubbles scatter ultrasound waves and thus significantly improve backscattered signal intensity. In addition, under low acoustic intensities they can stably cavitate (i.e., oscillate nonlinearly) and generate harmonic frequencies, which can be detected by an ultrasound imaging probe [73] .
When higher acoustic pressures are applied, the bubble becomes unstable, rapidly growing and then collapsing in a process called inertial cavitation [74] . The violent collapse of the bubble could generate mechanical effects such as shock waves and water jets, and thus could be useful in several FUS based therapies such as HIFU ablation and drug delivery [75, 76] . For example, larger ablated lesions were observed when microbubbles were applied with thermal or mechanical HIFU treatment in several studies [77] [78] [79] . Beyond tumor ablation, microbubbles have also been successfully applied for other mechanical destruction applications such as ablation of brain tissue, thrombolysis, and therapy of hypertrophic cardiomyopathy [80] [81] [82] .
A recent study showed that when microbubbles were exposed to relatively low pressures using an unfocused imaging probe, they burst and form nanoparticles that are small enough to be able to extravasate from blood vessels [83] . While the composition and physical state of the formed nanoparticles have not been characterized thoroughly yet, our group showed that when nanoparticle solutions, which are generated by microbubble burst, were treated with HIFU they could form bubbles again and generated ultrasound contrast and cavitation events ( Figure 2 ). To demonstrate that the nanoparticles that formed by the burst of microbubbles could be useful in HIFU therapy, we treated breast cancer cells that were grown in a plastic imaging window (Opticell) and observed complete cell detachment from the surface in the presence of the destroyed microbubbles solutions after HIFU treatment.
Microbubbles have also been extensively studied for drug delivery applications [85] . There are two main strategies in the literature; 1) co-injection of microbubbles and free drugs or drug carriers and induce cavitation events by ultrasound application to improve drug accumulation in the target tissue, and 2) loading the therapeutics into the shells of microbubbles and use ultrasound pulses to burst bubbles to release their loads. As an example of the first strategy, Lin and coworkers injected commercially available microbubbles (SonoVue) to tumor-bearing mice and then insonated the tumors with FUS [86] . Then, they injected liposomes containing a chemotherapy drug, doxorubicin (DOX) and investigated the liposome accumulation in tumors. Higher amounts of DOX was found in the sonicated tumors in the presence of microbubbles. In a recent work, Yeh and coworkers optimized the ultrasound and bubble parameters to obtain better spatial uniformity in tumor penetration using microbubbles and DOX-loaded liposomes [87] . Coussios and coworkers, on the other hand, used this strategy to enhance the delivery of breast cancer-selective oncolytic adenovirus, AdEHE2F-Luc, in a tissue-mimicking model [88] .
Loading drugs into the shells of microbubbles would enable better spatial control for delivery of the drug to the diseased site and could decrease the side effects associated with a high drug dose. However, due to their low surface area, the attachment or loading therapeutics on the monolayer shells of microbubbles is very limited [89] . To overcome this issue, one way is attaching secondary carriers, such as drug-laden liposomes, to microbubble surfaces [90, 91] . Geers et al. showed that 600 to 1300 DOX-loaded liposomes could bound per single microbubble by adding a phospholipid-PEG-maleimide linker to the shells of lipid stabilized microbubbles to conjugate liposomes to the microbubble surface ( Figure 3 ) [92] . This strategy enabled in vitro cancer cell killing at very low DOX concentrations where free DOX has no significant effect on the viability. In addition, Nakatsuka, et al. created composites of lipids and crosslinked polymers, which increased the loading of small molecules on the microbubble shell [89] . Administration of microbubbles for enhancement of BBBO by FUS has also been studied by several teams [61, [93] [94] [95] [96] [97] (Figure 4 ). Hynynen et al. first showed that, with the addition of microbubbles, one could easily control, by varying the applied ultrasonic power, the effects ranging from no histological alteration of the tissue to complete ablation of the focused area [69] . The parameter space corresponding to a therapeutic BBBO was greatly enlarged. A BBBO phenomenon may be described as "therapeutic" when the BBB is sufficiently disrupted to allow the passage of the therapeutic into the CNS, but not so much as to cause lasting damage to the capillary or brain tissue [68] . The BBB, once reversibly disrupted, will usually restore itself within 24 hours or less [98] . While there is little direct evidence of the biophysical mechanism regarding enhanced permeability of the BBB resulting from microbubble-enhanced FUS disruption, it thought to be a combination of four mechanisms: (1) stimulated transduction across the endothelium, (2) pore or channel formation in the endothelial cells, (3) disruption of tight junctions between the endothelial cells, and (4), at higher intensities, free diffusion through hemorrhaged endothelium [66, [99] [100] [101] . In the absence of detectable tissue damage it is challenging to determine which pathway is primarily responsible for therapy. Regardless, microbubble-enhanced FUS has proven to be an effective means of BBBO and has been used in the delivery in several types of therapeutics from RNA to synthetic drugs; these and other treatments using microbubbles have already been reviewed in detail by Borden et al. [61, [102] [103] [104] [105] [106] [107] . It is also possible to deliver nanoparticles to the brain using a combination of microbubbles and FUS [108] [109] [110] [111] [112] . For example, Price and coworkers decorated microbubbles with 150 nm poly(lactic-co-glycolic acid) nanoparticles and observed a two-fold enhancement in the nanoparticle delivery compared to coinjection of free microbubbles and nanoparticles [111, 112] .
Major limitations of microbubbles include their short in vivo half-lives, often on the order of a couple of minutes, and their large sizes (1-10 µm), which prevent their accumulation and penetration into the target tissues such as solid tumors [28, 115, 116] . Also, in the tissue ablation studies, significant heating and damage away from the target were observed since microbubbles are acoustically active throughout the acoustic field, not only at the focal zone [117] . This is because microbubbles require very low acoustic intensities to generate cavitation events [118] . In addition, since microbubbles are such excellent scatterers of ultrasound waves, they can disrupt the focusing of ultrasound waves by scattering them before they reach the area of focus [113, 117, 119] . This can, for example, allow for the failure of BBBO in the designated area, but may also cause undesired cavitation or possible BBBO in areas of the brain outside the area of focus [113, 117, 119] .
Phase Change Fluorocarbon Droplets
Phase-change emulsions are condensed fluid droplets stabilized by an amphiphilic shell; in the most typical formulations they use a fluorocarbon core and a lipid stabilizer, but various other stabilizers such as proteins or polymers (e.g., poly(lactic-coglycolic acid) or poly(ethylene glycol -propylene glycol -ethylene glycol) have also been used [120] . When a nanodroplet is exposed to sufficiently high acoustic intensities, such as those present at the focal area of a FUS transducer, the volatile core will vaporize (i. e. acoustic droplet vaporization; ADV), creating microbubbles and, subsequently cavitation events. Phase-change droplets are more stable than microbubbles because of their liquid core, can be formulated at smaller sizes than bubbles (~200 nm to 1 µm), and exhibit longer half-lives in vivo because of their lower solubility and diffusivity. In addition, vaporization of phase-change droplets using external FUS pulses provides better lateral focusing and thus reduces side effects outside the focal zone. For example, Dayton and coworkers compared the efficacy of nanodroplets and microbubbles in improving the HIFU ablated volumes in rat livers [117] . They intravenously injected the nanodroplets or microbubbles and 5, 15, and 95 min after injection they treated the animals with HIFU. According to magnetic resonance thermometry results, significant off-target heating was observed for microbubbles but almost none for nanodroplets. In addition, when the rats were treated with HIFU even after 95 min of injection, significant heating at the focus was observed for nanodroplets, which suggest the better stability of nanodroplets in in vivo conditions. In another work by the same group, two droplet compositions, phospholipid-stabilized decafluorobutane (DFB), and octafluoropropane (OFP) droplets were compared with a microbubble ultrasound contrast agent in a rat model [121] . After focused ultrasound vaporization of the droplets, a similar ultrasound contrast to that of microbubbles was observed, with up to 3.3 times longer blood circulation times for droplets depending on composition.
The potential use of ADV for therapeutic purposes was first proposed by Carson and coworkers, who prepared phase-change emulsions by stabilizing dodecafluoropentane (DDFP) droplets using bovine serum albumin [122] . The droplets had a broad size distribution, with 90% of them smaller than 6 µm. Above a rarefactional acoustic pressure threshold (between 0.8 and 4.5 MPa, depending on the frequency) droplets were vaporized into bubbles with diameters around 25 times larger than their original diameters. They proposed that these droplets might be useful for blood vessel occlusion in cancer treatment. Following this initial study, several fluorocarbon droplet formulations were developed and administrated to improve the outcomes of both thermal and mechanical HIFU ablation of the soft tissue ( Figure 5 ) [17, 62, [123] [124] [125] . In one of the early studies Porter et al., also prepared albumin coated DDFP droplets, but with sizes smaller than 400 nm [123] . They demonstrated that a higher temperature rise could be achieved when the DDFP droplets were applied with HIFU. Several subsequent studies reported larger ablated tumor volumes using fluorocarbon droplets. For example, Li et al., observed significantly larger ablated lesions, at least 3x larger than those obtained with HIFU alone using PLGA stabilized perfluorohexane (PFH) nanodroplets in a rabbit hepatocellular carcinoma model [126] . Clearly, increasing the ablated volume after single HIFU treatment can also decrease ablation time by requiring fewer focal adjustments. Fowlkes and coworkers studied this in vitro using tissue-mimicking phantoms and lipid-coated fluorocarbon droplets with average diameters around 2 µm [60] . In the presence of phase-change droplets, ablation was 4x faster compared to the conventional thermal HIFU treatment. Phase-change droplets have also been applied to improve the outcomes of mechanical HIFU therapy [57, [127] [128] [129] . As mentioned in Section 3, a significant limitation of this method is the requirement of high acoustic pressures to generate cavitation events in the target tissue, which is difficult to deliver safely and effectively into deep tissue. Administration of phase-change droplets can significantly reduce the acoustic cavitation threshold. The laboratories of Zhen Xu and Mohamed El-Sayed had demonstrated that mechanical damage in tissue-mimicking phantoms could be achieved at peak negative pressures as low as ~13 MPa in the presence of amphiphilic triblock polymer stabilized nanodroplets, where no or very little damage was observed when only HIFU was applied [57, 127, 128] . Hynynen et al., showed that acoustic intensities needed for blood clot lysis could be reduced in the presence of fluoro-surfactant stabilized DDFP droplets [130] . Blood clots were formed in rabbit brains and insonated with HIFU at acoustic intensities of between 88 and 137 W. Compared to a previous study, in which blood clot lysis was achieved by using only HIFU treatment, they observed that the blood clots formed in rabbit brains could be lysed at around four times lower acoustic intensities [131] . In contrast, Yeh and coworkers studied the mechanical effects of the ADV process on vasculature using an in vitro agarose phantom model [132] . Erosion at the walls of the vessel phantom due to the cavitation events generated by the fluorocarbon droplet vaporization was observed at peak negative pressures as low as 10 MPa.
One concern with clot lysis using FUS is the distal occlusions due to the release of large blood clot particles [133] [134] [135] . Even beyond more urgent risks like embolism, microemboli have been linked to nefarious long-term effects such as depression and migraine headaches [136] . Thus, study of the post-FUS clot particulates is important for reducing the risk of such emboli and thus should be a standard method for evaluating clot lysis in vitro [137] [138] [139] [140] . Thus, we believe that by tuning the acoustic parameters of FUS and correct selection of the acoustically active material and its concentration a safe treatment window should be achieved.
FUS activated phase-change droplets have been applied as contrast agents for the ultrasound and photoacoustic imaging. Acoustic vaporization of phase-change droplets was first proposed for correcting aberrations in ultrasound imaging and improving the contrast of ultrasonograms [122, 141, 142] . For example, Kripfgans and coworkers used micron-sized DDFP droplets for transcranial ultrasound aberration correction [143] . Acoustically vaporized droplets were used as point targets to correct the aberrations in transcranial ultrasound images, where aberration caused by the skull is a significant limitation. It is important to note that nanodroplet concentration should be low when applied for imaging purposes to reduce the mechanical damage caused by inertial cavitation events [122] .
As it is possible to prepare phase change droplets in the sub-micrometer range, they have been long recognized as potential extravascular contrast agents for cancer imaging [31] . Their smaller size makes their escape from leaky tumor vasculature and accumulation in the tumor microenvironment possible through the enhanced permeability and retention (EPR) effect [144, 145] . For example, Li et al., prepared folate-targeted nanodroplets and showed that the nanodroplets could enhance tumor imaging in mouse models when they were vaporized using low intensity FUS (LIFU) [146] .
Phase-change droplets have also been applied to improve the contrast of the photoacoustic images. In a recent study, Pozzo et al. developed polypyrrole (PPy) doped polymer stabilized fluorocarbon nanodroplets, which could be vaporized by FUS and/or laser pulses [147] . In this design, laser pulses are absorbed by the PPy component of the shell to induce a local temperature increase around the liquid core. They observed that when the nanodroplets were exposed to both optical and acoustic pulses, the threshold for photoacoustic signal generation decreased up to two orders of magnitude, which may be very useful in improving the contrast of deep tissue photoacoustic images ( Figure 6 ). It should also be noted that super-resolution ultrasound imaging techniques developed by Tanter and coworkers makes it possible to detect single droplet vaporization events and may enable deep tissue photoacoustic or ultrasound imaging with ~10 µm resolution [148, 149] .
Several design parameters can affect the acoustic intensity threshold of phase-change droplet vaporization. Clearly, fluorocarbon selection is important. Depending on the boiling point of the selected materials, droplets can be evaporated at different acoustic pressures; using fluorocarbons with lower boiling points (higher vapor pressures) results in vaporization at lower acoustic intensities [150] . Another critical factor is the droplet size. Because the Laplace pressure across the spherical droplet interface decreases with increasing radius, larger droplets can be vaporized at lower acoustic pressures than smaller droplets [150] . The presence of large droplets in the droplet emulsion can cause background noise in the ultrasound (or photoacoustic images) since they can be evaporated at low acoustic intensities (or laser powers), so reducing the size dispersity of the droplet emulsions is important. On the other hand, if droplets require high acoustic pressures for evaporation, then mechanical damage at the imaged area may be observed. Therefore, the droplet vaporization threshold should be optimized concerning the trade-off between acoustic activity and safety. It is important to note that the evaporation threshold not only depends on the acoustic pressure but also to the other acoustic parameters such as pulse duration, duty cycle, and pulse intensity. For instance, using longer FUS pulses, droplet vaporization can be achieved at lower acoustic pressures, but this can also cause a significant heat accumulation at the focal zone of FUS. Finally, there is a danger that superheated droplets, such as from DDFP, can fuse together and form gaseous emboli, so it is important for the interfacial stabilizing layer to be stable [151] .
A recent study in our lab demonstrated that the composition of the stabilizing shell also has a profound effect on the vaporization threshold of the phase-change droplets ( Figure 7A ) [152] . Because of the short time scales (microseconds) for each pulse, the vaporization process follows nucleation and growth kinetics, in which each pulse provides a chance for creating critical vaporization nuclei in the droplet. It was found that mixtures of different lipids that exhibited lateral phase separation in the stabilizing lipid shell facilitated the ADV process. Therefore, at the same HIFU activation conditions, such droplets produced an order of magnitude higher ultrasound contrast than droplets with more isotropic shells. Our group also demonstrated that aggregated droplets could be vaporized at lower acoustic intensities as a means of detecting biomarkers acoustically ( Figure 7B ) [153] . In a proof of concept demonstration, streptavidin was detected at concentrations down to 100 fM using biotin attached lipid stabilized PFH droplets with a mean radius of around 200 nm. Addition of streptavidin to such droplet emulsions results in aggregation of some droplets and decreases the acoustic vaporization threshold.
Phase change droplet formulations are also easily augmented with other molecules or moieties to expand capabilities beyond simple FUS sensitization. To impart targeting capabilities to phase-change droplets, the amphiphilic components comprising the shell can be functionalized with agents such as folic acid, peptides, or antibodies [31] . Superparamagnetic iron oxide nanoparticles (SPIONs) were added into the shells of droplets for magnetism-assisted targeting to the tumors [19, 124, 126] . In addition, SPIONs were served as MRI contrast agents to improve the contrast of MR images to provide better guidance to the HIFU therapy. Here, it should be noted that fluorocarbon cores of the phase-change droplets intrinsically serve as contrast agents for the 19 F-MR guidance of HIFU therapy [154] . However, 19 F MRI techniques are limited by the lack of clinical devices because most scanners are designed for 1 H-MRI [155] . Several other nanoparticles were also added to the fluorocarbon emulsions, including copper sulfide or gold nanorods as contrast agents for photoacoustic imaging [156, 157] , and bismuth sulfide as contrast agents for computed tomography and sensitizers for radiotherapy [18, 158] . For drug delivery purposes, hydrophobic drugs can be easily loaded to fluorocarbon cores of the droplets. Various chemotherapy drugs such as doxorubicin, paclitaxel, methotrexate were loaded either to the phase-change droplets for tumor regression, prevention of metastasis, and elimination residual cancer cells survived after HIFU ablation [124, [159] [160] [161] [162] . While it is possible to load both hydrophobic and hydrophilic molecules to the stabilizing shells of the emulsions as with microbubbles, loading capacities are typically small [163, 164] . To overcome this limitation, water-in fluorocarbon-in water double emulsions have been prepared in the expense of the significant increase in the particle size compared to regular phase-change droplets [25, [165] [166] [167] .
Because of their smaller size and capacity for extravasation, phase-change droplets have been applied towards imaging and treatment of solid tumors. For example, a manner similar to microbubbles, phase-change droplets have also been applied to create pores in tumor vasculature through inertial cavitation events to improve the accumulation of drugs or nanoparticles in solid tumors. Ho and Yeh observed significantly better penetration of liposomes into the tumor when they are co-administrated with phase-change droplets and treated with short FUS pulses to induce ADV [168] . In addition, a major challenge in cancer therapy is the presence of hypoxic regions in the tumor microenvironment, which causes resistance against several therapeutic approaches including chemotherapy and radiotherapy [169, 170] .
Due to their high oxygen-dissolving ability, fluorocarbon droplets are promising oxygen carriers for tumor reoxygenation [171, 172] . FUS can be used to increase the oxygen release rate from droplets locally. Liu and coworkers were used to albumin-stabilized perfluoro-15-crown-5-ether nanodroplets for tumor oxygenation in 4T1 and CT-26 tumor models [173] . Instead of preloading the droplets with oxygen, they intravenously injected the droplets into tumor-bearing mice under hyperoxic breathing (Figure 8 ). Therefore, droplets adsorb oxygen in the lungs, and then the ones that reach to the tumor were treated with focused ultrasound to release their oxygen load. They showed that tumor oxygenation by using nanodroplets and FUS improved the outcomes of both radiotherapy and photodynamic tumor therapy in mice.
While phase-change droplets can be formulized in submicron sizes, they are not stable in practice when their sizes are smaller than 200 nm due to the high Laplace pressure. This particle size range is still larger than the optimal cutoff for the EPR effect [174, 175] . Besides, there is also an intensive debate on the presence of EPR effect in human tumors to what extent, since nanoparticle delivery strategies that rely on EPR effect often fail in clinical trials [176] . Therefore, new strategies for delivering nanomaterials effectively to tumors is highly needed and currently under investigation. One such strategy is delivering nanomaterials using tumor-infiltrating cells, in which nanomaterials are first loaded into such cells in vitro, and then the loaded cells are intravenously injected into the blood [177] . These 'cellular shuttles' then infiltrate into tumor tissue and deliver nanoparticles at the same time. Chiu et al. used this strategy to deliver an amphiphilic polymer stabilized perfluoropentane (PFP) nanodroplets by loading them into bone marrow-derived monocytes ( Figure 9 ) [178] . They observed that nanodroplet loaded monocytes could penetrate to a depth beyond 150 µm away from the blood vessels, on the other hand, when just nanodroplets injected they could only penetrate up to a distance of 10-15 µm. While 80% of the free nanodroplets accumulated in the liver and only a small amount accumulated in the tumor, 60% of the nanodroplets were found in the tumor when they were administered within monocytes. Importantly, the nanodroplets remained acoustically active after loading them into the monocytes and produced significant ultrasound contrast in vivo after activation by FUS.
Fluorocarbon Infused Monodisperse Hollow Nanoparticles
While phase-change droplets have better stability than microbubbles, their stability is still not sufficient for their long-term storage. This instability can be a major barrier to translation of phase-change droplets because they need to be prepared freshly with each administration, or used at most a few days after preparation. In addition, the inherent size dispersity of the as-prepared emulsions requires fractionation before use to eliminate the unwanted effects caused by easy cavitation of large droplets [153] . To overcome these limitations, researchers developed methods to load fluorocarbons to the hollow polymer or inorganic particles, usually monodisperse silica shells. For example, Kummel and coworkers, prepared silica shells with 500 nm diameters and loaded them with liquid PFP and used single HIFU pulse to initiate ADV process [183] . It was observed that when the surface of the shells was modified to target folate receptors, shells could generate contrast in vivo even after 12 days after administration. Such extended stability may be useful in long-term imaging of tumors, for instance, before and after surgical resection. Shi and coworkers also developed several methods to prepare fluorocarbon loaded silica shells with sizes as small as ~100 nm and used HIFU to vaporize stabilized liquid in the hollow cores [174, [179] [180] [181] [182] 184] . They observed larger ablated volumes both ex vivo and in vivo experiments when thermal HIFU was applied in the presence of fluorocarbon loaded silica shells. In addition, they used them to deliver chemotherapy drugs such as DOX. The same group also proposed to replace the fluorocarbons with low melting point molecules to improve the stability of the phase-change ultrasound active agents [185] . They used L-menthol, melts at ~45 °C, which is a temperature that can be easily attained by HIFU application. They showed that both hydrophobic and hydrophilic drug could be loaded into mesoporous silica shells, by simply mixing the shells, L-menthol, and drugs at elevated temperatures and then cooling to the room temperature. Upon HIFU insonation, the drug-loaded shells released their loaded due to the phase change of L-menthol. In a more recent study, they prepared isopentyl acetate, which has a boiling point of 142 °C, droplets coated with organosilica-iron oxide hybrid shells and demonstrated enhanced thermal HIFU ablation in a tumor-bearing mouse model [186] .
Fluorocarbon-Free Colloidal Materials
Finally, another strategy to develop ultrasound-active materials with better in vivo stability and long shelf life is to eliminate the fluorocarbon fluid component entirely. It is well known that micro/nanoparticles with hydrophobic surfaces, cavities, or interfaces can act as nucleation sites for acoustic cavitation events and thus reduce the rarefactional acoustic pressures needed to generate acoustic cavitation [187] [188] [189] [190] [191] [192] ]. An ultrasound imager can then detect the generated micron-sized bubbles during acoustic cavitation events as bright spots in the ultrasonograms [187] . Such contrast agents hold great promise in improving the lateral resolution of the molecular ultrasound imaging due to their smaller sizes and their better stability than common phase-change contrast agents. For example, Kwan et al. prepared divinylbenzene-crosslinked poly(methyl methacrylate) coated polystyrene nanocups, which can trap air pockets in their cavities to generate bubbles under reduced acoustic pressures [188] . High-speed camera imaging showed that the radius of the formed bubbles by nanocups ranged between a few tens of micrometers to over 100 µm depending on the acoustic parameters and the size of the nanocup cavity [193] .
Our lab showed that amphiphilic (e. g. phospholipids, Pluronic polymers) stabilized hydrophobic MSNs with particle sizes ~100 nm can generate acoustically active microbubbles under reduced pressures of HIFU (Figure 10 ) [187, 194] . Even though the coated hydrophobic MSNs were highly dispersible and stable in aqueous media, including PBS and serum, they can significantly reduce the acoustic cavitation threshold; down to ~6 MPa (peak negative pressure). Our studies suggested that such amphiphilic coated superhydrophobic MSNs stabilize air pockets (i. e. nanobubbles) at their surfaces, which are consumed for nucleation of micron-sized bubbles under reduced acoustic pressures [195] . We showed that the particles could be stored in PBS at least for four months or as lyophilized powders with no loss in contrast generation ability, indicating their stability to storage [187] . Under HIFU sonication, these particles can nucleate acoustic cavitation events continuously at low particle concentrations down to ~2×10 9 particles mL -1 (i. e. ~5 µg mL -1 ) for tens of minutes in several media including PBS, serum, whole blood, and tissue-mimicking phantoms [187] . In addition, it has been shown that they can remain acoustically active after being uptaken by cancer cells [194] .
We also showed that the amphiphilic stabilized hydrophobic MSNs could locally enhance the mechanical effects of HIFU at relatively low acoustic pressures [194] . Ablation of red blood cells and tumor spheroids which are encapsulated in tissuemimicking agarose phantoms was achieved at particle concentrations as low as 10 µg mL -1 , after HIFU treatment with a peak negative pressure of ~11 MPa and duty cycle of ~0.01% (20) .
Such air stabilizing nanoparticles have been also showed to be useful in drug delivery applications (Figure 11 ). Coussios and coworkers showed that intravenously injected gas stabilizing nanocups could improve the intratumoral distribution of a freely circulating model therapeutic (IgG mouse antibody) when tumors were insonated with FUS [188] . Polymeric nanocups were also showed potential in improving delivery of nanoparticles into tumors [196] . To test this, microchannels were prepared using agarose gels, and nanocup and MSN dispersions were injected into the channels. The cavitation events generated by nanocups under FUS insonation, resulted in MSN penetration into the gels up to a distance of ~1 mm. Recently, they obtained similar results also using gas stabilizing gold nanocones [197] . Our group also showed that phospholipid stabilized hydrophobic MSNs can penetrate tissue mimicking gels up to a distance of 0.5 mm when exposed to HIFU [20] . Regarding delivery of therapeutic molecules using the acoustic cavitation events by gas stabilizing nanoparticles (or any other kind of ultrasound active agent), one concern is the loss of therapeutic activity of these delicate molecules. For instance, mechanical and chemical effects induced by acoustic cavitation may denature or aggregate proteins or change the molecular structures by breaking down the covalent bonds, reducing the double bonds and so on. Myers et al., studied the impact of cavitation events induced by gas stabilizing nanocups on the activity of a small molecule (doxorubicin, Dox), an antibody (cetuximab) and non-enveloped (adenovirus, Ad) and enveloped (VV) viral vectors [198] . They did not detect any activity loss for any of the materials tested in in vitro conditions. Nevertheless, further studies are needed to fully evaluate the effects of cavitation on activity and structure of therapeutic molecules using different ultrasound parameters and in vivo models.
Beyond hydrophobic nanoparticles, some common hydrophilic nanoparticles such as gold nanoparticles and SPIONs have provided an increase in HIFU ablated volumes through a thermal mechanism. In one of such studies, Banerjee and coworkers applied commercially available 15 nm gold nanoparticles to improve the outcome of the thermal HIFU therapy ( Figure 12A,B) [14] . They prepared tissue mimicking phantoms containing different amounts of gold nanoparticles and observed the temperature increase in phantoms using MR thermometry during HIFU treatment. In the presence of gold nanoparticles, higher temperature increase and larger lesion formation were observed at the same acoustic power compared to HIFU treatment in the absence of gold nanoparticles. A similar result has been previously observed by Wang et al., where they prepared PEGylated SPIONs to improve the contrast of the MR images to achieve better guidance for HIFU therapy [199] . They also observed that in the presence of SPIONs temperature increase in the tumor tissue was more than double compared to the sonication in the absence of SPIONs (15 °C vs. 38 °C). Józefczak and coworkers were obtained similar results in tissue-mimicking phantoms using SPIONs as well ( Figure 12C ) [200, 201] . The improved temperature increase in these studies is believed to be due to the enhanced attenuation and dissipation of acoustic energy in the presence of nanoparticles. Finally, the plasmon resonance has been leveraged for photoacoustic imaging. Such gold-silica core-shell nanoparticles are heated with a laser, they nucleate cavitation events and emit a photoacoustic response. Murray and coworkers showed that when gold nanoparticle containing tissue mimicking phantoms are subjected to both optical and ultrasound fields, a higher photoacoustic contrast can be obtained [202] . In addition, administration of FUS pulses reduced the laser power threshold for photoacoustic signal emission.
In recent years, gas generating nanoparticles have been designed to produce bubbles in the tumor microenvironment in response to the elevated temperature, low pH, or increased hydrogen peroxide concentration [203] [204] [205] [206] . The bubble generation ability of such nanoparticles has also been applied to increase the volumes of HIFU ablated lesions. For example, Shi and coworkers prepared oxygen gas generating nanoparticles by loading catalase, an enzyme that degrades hydrogen peroxide to produce oxygen and water, into the pores of ~25 nm mesoporous silica nanoparticles with ~7 nm pores ( Figure 13 ) [207] . They demonstrated the bubble generation at elevated H2O2 levels both in vitro and in vivo experiments and showed that these bubbles could increase the thermal HIFU ablated volumes. Wang and coworkers, on the other hand, prepared ammonium bicarbonate loaded liposomes, which produce CO2 bubbles at elevated temperatures, and used HIFU to locally increase the temperatures to initiate bubble generation by the liposomes [208] . Similarly, larger ablated volumes were obtained in the presence of bubble-generating liposomes. Nanoparticles can also be designed to the on-demand release of therapeutic gases such as toxic nitric oxide under FUS insonation. Chen and coworkers prepared hollow MSNs and decorated their surfaces with L-arginine as a natural nitric oxide generator, which reacts with H2O2 to generate nitric oxide [209] . They showed that application of FUS catalyzes this reaction and enhanced the nitric oxide production by the nanoparticles and increased the survival rate of mice with Panc-1 pancreatic tumors.
While these fluorocarbon-free nanomaterials are promising for the development of robust and smaller agents for FUS theranostics, extensive research must be performed prior to clinical adaptation to evaluate several performance and safety-related issues such as biocompatibility, biodegradation, tumor accumulation, and stability in vivo. This is also the case for the fluorocarbon loaded inorganic or polymer shells described in previous sections. Another challenge for successful translation of nanomaterials to clinic is the lack of scalable, cost-effective, and reproducible methods for their synthesis.
Stimuli-Responsive Colloidal Materials
The use of stimuli-responsive colloids in FUS research has been mainly in ultrasound triggered drug delivery by both thermal and mechanical effects. Among the stimuli-responsive materials, the most studied ones in this area are the temperature sensitive liposomes, which can release their loads at mild-hyperthermia conditions that are locally achieved by FUS insonation [210] [211] [212] . For example, Dromi et al. used a commercially available low-temperature sensitive liposome formulation (ThermoDox, Celsion Corp.), which changes its structure when heated to around 40-45 °C to release encapsulated DOX [211] . They also used another commercially available but not temperature responsive DOX liposome formulation (Doxil, Ortho Biotech Products) for control experiments. When they sonicated the liposomes in vitro to increase the temperature around 42 °C, they observed that 50% of DOX released from ThermoDox, but there was not any detectable from Doxil. In a mouse tumor model, they observed a significantly better tumor growth reduction compared to free DOX and Doxil liposomes for ThermoDox which is activated by HIFU application. However, low temperature responsive liposomes have poor morphological stability in the bloodstream which may cause the off-target release of the loaded drug. To improve structural stability and minimize drug leakage during blood circulation, Liang et al. developed a method to create crosslinks in the lipid bilayer using a sol-gel reaction [213] . As a result, an increased blood circulation half-life was observed for crosslinked temperature responsive liposomes compared to the conventional ones, from 0.9 to 8.5 h.
Other studies reported drug release from liposomes or micelles due to mechanical forces such as shear forces, microstreaming, and water jet Figure 13 . Schematic representation of the preparation of catalase loaded large pore mesoporous silica nanoparticles and improved HIFU therapy in the presence of bubbles generated by the catalytic particles. Reproduced from reference [207] , copyright 2017 American Chemical Society.
formation [214, 215] . As discussed in Section 3, the selection of the FUS parameters determines either thermal or mechanical effects will be more predominant. This is especially important for temperature responsive materials, and to our knowledge, there is not any study that investigates the contribution of mechanical effects on the drug release from temperature responsive liposomes or micelles. Clearly, further studies are needed to fully understand the FUS-triggered drug release from micelles and liposomes that are temperature responsive or not.
Another strategy for temperature-responsive drug carriers are porous drug carriers coated with temperature-sensitive polymers. At low temperatures, the polymer chains around the drug carriers are tightly packed and thus block the pores of these carriers and prevent or limit the drug release. At elevated temperatures, such polymers can shrink, or the interactions between different polymer chain can be weakened. In either case, the pores become less blocked, and drugs can be released. For this purpose, Li et al. used gold nanocages coated with a temperature responsive copolymer, poly(NIPAAmco-AAm) (NIPAAm: N-isopropylacrylamide; AAm: acrylamide), and showed that upon HIFU insonation the gold nanocages released a model drug (Rhodamine 6G) due to the shrinkage of pore blocking copolymer at elevated temperatures [216] .
The application of FUS can also induce chemical changes (i.e., bond breakage or reorganization) in stimuli-responsive polymers. For example, Wang et al. showed that poly(ethylene oxide) and poly(2-tetrahydropyranyl methacrylate) diblock copolymer micelles could be disrupted by HIFU insonation due to the hydrolysis of side chains of 2-tetrahydropyranyl methacrylate block [217] . The hydrolytic cleavage of a relatively more hydrophobic group makes the polymer more hydrophilic and, thus, disturb the micelle structure, which eventually increases the rate of drug release from the micelles. Tong et al., on the other hand, prepared redox-responsive amphiphilic copolymers by adding disulfide bond between the hydrophobic and hydrophilic groups [218] . They observed that the release rate from the redox-responsive micelles was especially improved under HIFU sonication in the presence of a redox agent, dithiothreitol, due to the cleavage of disulfide bonds.
Acoustically Active Hydrogels and Membranes
Acoustically active hydrogels or membranes have also been designed primarily for FUS induced on-demand drug delivery. A straightforward strategy is loading drug-laden temperature responsive liposomes into hydrogels and locally heating them above their phase transition temperatures using appropriate FUS parameters to trigger drug release from the hydrogels [219] . For example, Ruiz-Hernández and coworkers were encapsulated DOX-loaded temperature responsive liposomes in an injectable chitosan/β-glycerophosphate hydrogel and showed the on-demand release of DOX at elevated temperatures (~42 °C), which could be easily achieved by FUS insonation [220] .
In addition to the heating effect of FUS, mechanical effects generated by ultrasound active agents can be applied to control the release from hydrogels. In this context, microbubble or phase-change droplet loaded hydrogels have been applied to locally deliver therapeutics such as drugs, growth factors, micro/nanoparticles. For instance, Fabiilli and coworkers have developed several fibrin hydrogel scaffolds for growth factor delivery, such fibroblast growth factor (bFGF), by loading microbubbles or nanodroplet and growth factor into scaffolds [221] [222] [223] [224] . Wang and coworkers, on the other hand, have used membranes with 12 µm conical pores and they loaded these pores with silica particles and phase-change droplets [225] . They showed that vaporization of phase-change droplets using FUS fired the silica nanoparticles from these "microcannons," which could be useful for transdermal delivery (Figure 14 ) [226] . Later they also used this strategy for transdermal delivery of an anesthetic agent lidocaine [227] . However, metastability of these fluorocarbon-based ultrasound active agents prevents their long-term use as they evaporate or dissolve in hydrogels in a few days, and thus, hydrogels lose their ultrasound activity [223, 224] .
To develop a more robust on-demand drug delivery system, Grinstaff and coworkers used drug-loaded superhydrophobic meshes, which entrap air layers and thus prevent both water penetration and drug release [228] . The authors found that when they treated the superhydrophobic meshes with HIFU, water could locally infiltrate to trigger the drug release. They also showed that this approach could be used to kill cancer cells in vitro after HIFU administration through the release of a chemotherapeutic drug. In a similar approach, Wang et al. prepared hydrophobic PLGA gels, which again prevents water penetration inside the gels [229] . After locally degrading the air barrier between the water and the gel using HIFU, water penetrates the gel, where it reacts with the pre-loaded sodium bicarbonate to produce CO2 bubbles. Finally, they showed that the release of DOX molecules encapsulated in the hydrophobic gels, accelerated by the generated bubbles. Gai et al., also used trapped air inside the microwells for the on-demand release of encapsulated drugs [230] . They first prepared microwells on PDMS membranes and loaded the wells with a model compound; Rhodamine B. Then, they sealed the wells using a hydrophobic polymer, polylactic acid. During the sealing step, air pockets were also encapsulated in the wells. These air pockets have two essential functions: 1) they prevent the release of the loaded molecules for 14 days under submerged conditions in the absence of HIFU activation and 2) nucleates acoustic cavitation events inside the wells under HIFU insonation, which breaks the polymer caps of the wells and the loaded drugs are released.
Future Directions and Challenges
FUS has shown success in the non-invasive treatment of several diseases, including cancer, neurodegenerative diseases, and thrombolysis. However, the high acoustic reflection and scattering at interfaces of soft tissue with gas and bone makes it challenging to apply FUS to some parts of the body such as ribs, lungs, and cranium. In addition, the unwanted scattering of ultrasound at such interfaces may cause off-target damage. Application of materials capable of interacting with ultrasound can increase the local mechanical and thermal effects of FUS while simultaneously reducing the FUS intensities required to initiate cavitation. By optimizing the properties of these materials, theranostic efficacy could be improved and unwanted off-target damage minimized.
One of the main challenges is delivering the ultrasound active agents to the intended tissue, as most agents have large sizes and poor stability in the bloodstream that prevent their extravasation from the vasculature. To bypass issues with stability, fluorocarbon-free robust ultrasound active materials have been synthesized sizes smaller than 200 nm, which can potentially extravasate from the blood circulation and accumulate better in target tissue [188, 194, 207, 231] . However, smaller particle size and better stability do not always guarantee improved accumulation of nanoparticles in the target tissue, especially for solid tumors. We now know that the EPR effect, which only counts the number and size of the openings in the tumor vasculature, is an oversimplified model for predicting the nanoparticle accumulation and penetration in tumors [232] [233] [234] . First, it does not take into account immune surveillance during circulation. Second, while the vasculature in fast-growing xenograft mice tumors usually possess considerable leakiness, this is not always the case for slow-growing human tumors with fewer openings in the vasculature due to their lower growth rate. Tumor leakiness not only varies with tumor type but also from patient to patient. Furthermore, in the tumor microenvironment, there are several other barriers such as high interstitial fluid pressure, thick tumor stroma, macrophage uptake that prevent deep tumor penetration and uniform accumulation of nanoparticles and their uptake by cancer cells [232, [235] [236] [237] . Thus, the mechanical damage induced by FUS-sensitizing particles represent an opportunity to create pores in the tumor vasculature and stroma. For example, a FUS active material could first be administered to porate the tumor, followed by repeated administration of a therapeutic agent. Thus, the recent advances in the ultrasound active agent design such fluorocarbon-free robust nanoparticles may provide more opportunities to the researchers to optimize the physical and chemical properties of the materials to reach the desired acoustic activity, target tissue accumulation and biosafety.
In terms of the FUS itself, another problem is the inadequate reporting of acoustic parameters used in the studies. While in principle the experimental methods section should contain sufficient detail to reproduce insonation conditions, in practice FUS parameters are often inconsistently characterized or even incomplete. At a minimum, the operating frequency of the transducer, the pulse duration (and the number of cycles), pulse-repetition frequency (or duty cycle), and the peak positive and negative pressure amplitudes (and corresponding intensities) of the resulting waveform should be given in order to reproduce any given work. As discussed above each of these parameters can have a significant impact on the type and efficacy of the predominant effect generated by the FUS application. Unfortunately, reports of only the applied wattage or output acoustic intensity are common, which are insufficient for determining the experimental conditions used in such studies. Therefore, there is a need to establish a "minimum information standard," as has been established in the greater nanomedicine field to provide better reproducibility to the published works and allow to comparison of experimental parameters used across different works [238, 239] .
In conclusion, the last several years have seen many exciting developments in the acoustically active material design. Such materials not only helped to improve the outcomes from the conventional HIFU ablation therapy and using FUS for BBBO but have also opened new avenues in drug delivery, bioimaging, and others. However, prior to their clinical translation, there are several issues still needs to be addressed such as sufficient accumulation in the target tissue, biocompatibility, clearance from the body, large-scale production, and storage stability. Finally, there is an urgent need to develop minimum information reporting standards to enhance reproducibility and comparability in the field.
